Abstract-There is an increasing interest in bubble-mediated focused ultrasound (FUS) interventions in the brain. However, current technology lacks the ability to spatially monitor the interaction of the microbubbles with the applied acoustic field, something which is critical for safe clinical translation of these treatments. Passive acoustic mapping could offer a means for spatially monitoring microbubble emissions that relate to bubble activity and associated bioeffects. In this study, a hemispherical receiver array was integrated within an existing transcranial therapy array to create a device capable of both delivering therapy and monitoring the process via passive imaging of bubble clouds. A 128-element receiver array was constructed and characterized for varying bubble concentrations and source spacings. Initial in vivo feasibility testing was performed. The system was found to be capable of monitoring bubble emissions down to single bubble events through an ex vivo human skull. The lateral resolution of the system was found to be between 1.25 and 2 mm and the axial resolution between 2 and 3.5 mm, comparable to the resolution of MRI-based temperature monitoring during thermal FUS treatments in the brain. The results of initial in vivo experiments show that bubble activity can be mapped starting at pressure levels below the threshold for blood-brain barrier disruption. This study presents a feasible solution for imaging bubble activity during cavitation-mediated FUS treatments in the brain.
nance imaging (MRI) thermometry. However, other FUS brain treatments, such as disruption of the blood-brain barrier (BBB) for targeted drug delivery to the brain [4] [5] [6] and cavitationenhanced stroke treatments [7] , [8] are nonthermal and are more difficult to monitor in real time by MRI. Further, disruption of the BBB using FUS has now been tested in nonhuman primates, with no cognitive deficits reported [9] . This represents a major milestone in translation to clinical testing, but eventual implementation in routine clinical practice will require a robust, real-time monitoring technique.
McDannold et al. [10] first reported an association between successful BBB disruption (BBBD) and an increase in cavitation activity. Recently, the spectral information from microbubble emissions during BBBD has been used to select treatment pressures [11] and to modulate them in real time [12] to ensure treatment safety and efficacy. However, these treatment control schemes do not provide any information regarding the spatial extent of the cavitation activity.
Passive imaging could provide a means to localize cavitation activity in the brain. Passive cavitation detectors (PCDs) are long established for investigating cavitation phenomena [13] [14] [15] , and advancement from single element PCDs [16] to arrays of PCDs has added spatial information to cavitation studies [17] , [18] . Passive imaging has long been used to localize sources [19] [20] [21] in a number of different fields, but has been of high interest in recent ultrasound research [22] [23] [24] [25] due to its potential to map bubble activity during cavitation-enhanced therapies and thereby enhance treatment safety and assess outcome. However, passive imaging has had limited investigation for brain treatments due to the challenges associated with ultrasound imaging through the skull. The skull bone is highly attenuating and aberrating to sound, particularly at higher frequencies, and brain imaging is typically limited to targets visible through the temporal or suboccipital windows [26] , [27] . Cavitation mapping could be utilized with narrow aperture arrays, as has been demonstrated in soft tissues [24] and in one transcranial study in primates [25] , by utilizing the minimally perturbing acoustic windows in the skull. However, passive beamforming is based on the interference of time-delayed waveforms, resulting in a point spread function (PSF) that is highly dependent on array geometry. Thus, passive imaging algorithms achieve the best resolution when large apertures are used [21] and so optimal implementation of these algorithms would use an array that covered the entire skull surface. In this study, we describe a sparse hemispherical receiver array for passive imaging of transcranial sources. We have previously described a method using this array for transcranial vascular imaging [28] . Here, we characterize the receiver array and examine its potential for imaging bubble clouds during ultrasound brain therapy. The results and their implication for therapeutic ultrasound use in the brain are discussed.
II. MATERIALS AND METHODS

A. Array Design
The receiver array consisted of 128 piezoceramic disc elements (Del Piezo Specialties, LLC., West Palm Beach, FL, USA), 2.54 mm in diameter, and with center frequencies of 612 kHz. The elements were integrated into the array described by Song and Hynynen [29] which is a 30 cm diameter hemispherical array consisting of 1372 tube elements with a fundamental frequency of 306 kHz. The receivers were potted in the middle of 128 transmit elements, in a sparse arrangement [see Fig. 1(a) ] that was optimized to suppress grating lobes through numerical simulations [30] . Dual-mode (therapy/imaging) ultrasound arrays have been presented which use the same elements for transmit and receive [31] , [32] . Here, we have a large available array surface area and so have chosen separate receive elements tuned to the second harmonic of the transmit array in order to minimize interference from the transmit signal, emphasize the harmonic signal content in the captured waveforms and suppress the strong fundamental signals reflected from the skull bone.
The locations of the receivers were determined by triangulation. A 1.5 mm, 765 kHz narrow-band source was excited using an impulse from a pulser/receiver (Panametrics, Olympus-NDT, Inc., Waltham, MA), and the time of flight to each array element was determined. This time of flight measurement was repeated at various source locations, moving the source around the field using a Parker/Velmax 3-D positioning system (Parker, Hannifin, PA, USA; Velmax Inc, Broomfield, NY, USA).
B. Bench-Top Experiments
The experimental setup is shown in Fig. 1(b) . The transducer was placed in a rubber-lined tank filled with degassed, deionized water, centered below the 3-axis positioning system. An ex vivo human skullcap was degassed for at least 2 h prior to experimentation. The skullcap was placed in the tank, between the array and thin-walled tubing was placed on the acoustic axis within 2 cm of the geometric focus. The frame holding the skullcap limited the depth in the dome that it could be placed, and so positioning of the tube distal to the geometric focus allowed a central target in the brain to be simulated. During the experiments, measurements were also performed for targets at the geometric focus of the array, and proximal of the geometric focus.
A subset of the therapeutic array was driven during the experiments using a 128 channel driving system (Verasonics, Inc., Redmond, WA, USA). Due to the low driving frequency, the aberrations due to the skull were minimal [33] , and the transmit array was focused using geometric focusing only. The transducer was excited using a 5 cycle burst, and focal pressures between approximately 0.15 and 0.35 MPa (mechanical index = 0.25 -0.59) were achieved through the skull. The pressure at the focus was determined for one focal position in the skull cavity using a calibrated fiber-optic hydrophone (Precision Acoustics, Ltd., Dorset, U.K.). The profile was then measured with the 1.5 mm diameter ceramic source/receiver used in the array triangulation measurements, and the fiber-optic hydrophone measurements were used to calibrate the ceramic receiver. The voltage generated by the ceramic receiver was measured by an oscilloscope (TDS 3014B, Tektronix, Richardson, TX, USA). The focal pressure in subsequent measurements was monitored with the ceramic source/receiver. The pulse repetition frequency (PRF) during the different experiments was between 1 and 100 Hz. The raw RF data from the receiver array were captured using a 128 channel receiver (SonixDAQ, Ultrasonix, Richmond, BC, Canada).
Performance of the array was assessed by mapping the activity of Definity microbubbles (1-3 μm mean diameter, Lantheus Medical Imaging, North Billerica, MA, USA) flowing in tube phantoms. The microbubble solution was gravity fed through the tube phantoms. Estimates of the bubble concentrations used in this study were determined from Coulter counter measurements. Samples were taken from three vials of Definity and measured in a Coulter counter (Multisizer 3, Beckman Coulter Inc., Brea, CA, USA) within approximately 30 min of activation. A 30 μm aperture tube was used. Each sample was measured three times. The concentrations cited in this study are based on a mean measured concentration of (5.3 ± 1.1) ×10 9 bubbles/mL for the undiluted agent. The concentration of microbubbles was varied from 5. A tube was mounted on the three-axis positioner, parallel to the y-axis, and mechanically scanned through a fixed transducer focus in 1 mm increments along the x-axis. At each position, a reference sonication with the tube filled with saline or deionized water was taken and compared with a sonication when the tube was filled with a solution of microbubbles.
Experiment 2: The tubing was fixed at the transducer focus and different concentrations of microbubbles were flowed through the tube to determine the minimum bubble concentration that could be detected. Measurements at the highest and lowest bubble concentrations were performed at several locations along the acoustic axis of the dome.
Experiment 3: Two tubes were placed approximately 5 mm apart. A volume scan of the two tubes was performed using electronic steering to scan a 20 × 20 ×10 mm 3 volume with a 2 mm step size. Data were captured from the sonications at each transmit focus and used to create a maximum pixel projection of the tubes.
Experiment 4: Five tubes, each with an ID of 0.26 mm and an OD of 0.75 mm, were placed in a row along the x-axis with their walls touching. The tubes were aligned parallel to the y-axis. The tubes were initially filled with deionized water and a reference sonication was performed by scanning the transducer focus through an xz-plane that intersected the tubes. Two tubes at a time were then filled with a solution of microbubbles, while leaving the rest filled with water. The sonications were repeated for different spacings of the bubble-filled tubes (i.e., adjacent, one tube spacing, two tube spacing). The data captured for each transmit focus were used to create a maximum pixel projection of the tubes. The same process was repeated for a seven-tube phantom with the tubes stacked in the z-direction, in order to determine the axial resolution of the array.
Experiment 5: Three tubes with different diameters (IDs = 0.8, 0.51, and 0.26 mm) were joined using superglue to form a bifurcation. Microbubble solution was flowed from the large tube into the small tubes, with the flow direction aligned parallel to the system y-axis. A volume scan was performed by scanning through a 14 × 6 × 8 mm 3 volume (1 mm step size, x and y; 2 mm step size, z). Data were captured for each transmit focus and used to create a maximum pixel projection image.
C. In Vivo Experiments
Two Wistar rats (Male, 600-700 g) were used to initially assess the system in vivo. The animals were anesthetized via intramuscular injection of ketamine (40-50 mg/kg) and xylazine (10 mg/kg). The animal's heads were shaved with an electric razor and the remaining hair was removed using a depilatory cream. The animals were placed supine on a platform with their heads supported by a membrane touching the water filled array. Ultrasound gel was used to ensure good coupling between the animals head and the membrane. Sonications were performed through the rat skull bone but in the absence of a human skull cap.
Sonications were performed outside the MRI; however, the platform with the animal was moved between the array and a 1.5 T MRI (Signa 1.5 T, GE Healthcare, Milwaukee, WI, USA) for treatment planning and assessment of BBBD.
All sonications were 130 bursts in length. Bursts consisted of 5 cycles of ultrasound at a driving frequency of 306 kHz, repeated at a rate of 1 Hz. The treatment duration was selected to match the available receive buffer size, while keeping close to the 2 min treatment time used in our previous studies [12] , [34] . The transmit bursts were kept at only 5 cycles in length since previous studies have shown short pulses can be effective at disrupting the BBB [34] , [35] , and by using short pulses interference of skull echos with the microbubble emissions was reduced. The transmit and receive equipment was as described in the bench-top experiments. Waveforms were captured during each burst for later reconstruction. In each animal, an initial sonication was performed without microbubbles to acquire baseline acoustic maps. Next, a low power sonication was performed (estimated in situ pressure = 0.25 MPa). The sonication was started simultaneously with the injection of a bolus of Definity contrast agent (0.02 mL/kg) delivered via a tail vein catheter. Contrast enhanced (0.2 mL/kg Omniscan, GE Healthcare) T1-weighted MRI images (FSE, TE = 10 ms, TR = 500 ms, ETL = 4, field of view (FOV) = 6 cm×6 cm, slice thickness = 1 mm, 128 × 128) were obtained to assess the integrity of the BBB. Following the MRI scans, a second sonication was performed in the same target location, at higher power (estimated in situ pressure = 0.5 MPa), and the MRI scans were repeated. At least 10 min passed between sonications in an animal.
D. Data Processing
The data were postprocessed in MATLAB (Mathworks, Natick, MA, USA). Reference data taken with the tube phantoms filled with saline or deionized water were subtracted from data captured with microbubbles in the tube. This was done in order to suppress the reflections from the skull, tube and hydrophone mounts, and was performed line by line on the raw RF data prior to further processing. The resulting signals were then digitally filtered with a fourth-order Butterworth band-pass filter. The low frequency cutoff was 400 kHz to suppress the transmit frequency. The high frequency cutoff was experimentally varied between 800 kHz and 1.5 MHz to examine the effect of the filter on the reconstructed images.
Images were reconstructed by beamforming over a reconstruction grid using geometric delays and optional additional delay terms to account for the effects of the skull.
Mathematically, this can be expressed as
where I(r) is the intensity at a point r = (x,y,z) in the reconstruction grid, and Q i (r;t) is the time-delayed waveform for receiver i and point r, which can be expressed as follows:
where p i (t) is the pressure value recorded by element i at time t, r i is a vector of the coordinates of receiver element i, c is the speed of sound in the medium, s i is a delay term to compensate for the effect of the skull on the waveform received by element i, and . represents the Euclidean norm. Multiplication by r ir , the Euclidean norm of the distance between element i and the point r, accounts for spherical spreading [21] . The skull delay terms were determined using a fixed 765 kHz source emitting from a location within the reconstruction grid. The source was excited with an impulse and signals received at each element were recorded. This was repeated with the skull placed between the array and source. The necessary delays to account for the propagation effects of the skull were then determined by cross correlating the signals with and without the presence of the skull. As an example, in one correction, the mean correlation coefficient across all channels was 0.93 ± 0.11. In this correction, 20 channels recorded very poor signals transcranially for calculating the delays. The mean time delay across the remaining 108 channels was measured to be 2.4 ± 0.8 μs. The correlation coefficients, number of dropped channels, and mean time delay varied with skull placement in the dome. In general, the skull delay parameters {s i } vary with source location, receiver element location, and frequency [36] . However, the delay parameter will not vary substantially over a small reconstruction grid with a narrow frequency band [37] . This method was used to simplify the experiments while in clinical cases computed tomography (CT)-based corrections [37] could be calculated using methods similar to those used for correcting the transmit beams in previous clinical FUS investigations [1] [2] [3] .
III. RESULTS 6 bubbles/mL, and show that cavitation sources can be resolved within different subvolumes of the transmit focus. Fig. 3 shows reconstructed images for a fixed tube position with decreasing bubble concentration, and using two different high frequency cutoffs (0.8 and 1.5 MHz). Using the 1.5 MHz cutoff, it can be seen that the ability to reconstruct the images at low bubble concentrations is hindered by a poor signal-to-noise ratio. At 2.1 × 10 4 bubbles/mL, or 2% of the clinical concentration in the blood stream, a source can still be observed in the reconstruction. However, at 5.2 × 10 3 bubbles/mL, or 0.5% of the clinical concentration, the source is not distinguishable in the reconstruction when using a 1.5 MHz high frequency cutoff. This is in part due to coherent noise at discrete frequencies around 1 MHz that can be seen in the frequency domain and can be larger than the frequency component of the bubble activity for low concentrations. The image can be improved by filtering out these noise components. When a narrower passband is used (400-800 kHz) to emphasizes signals around the receive center frequency and the transmit second harmonic, then bubbles can be visualized even at as low a concentration as 320 bubbles/mL. At this concentration, there is approximately 1 bubble per 6 mm of tubing, so the images produced can be assumed to be of a single bubble.
Using the results from a single bubble, the PSF for different locations in the field can be determined. Fig. 4(a) shows a 3-D −3 dB intensity isosurface of the reconstruction of a single bubble located near the geometric focus of the array. Also shown in Fig. 4(a) are line profiles through the source along the three Cartesian axes. In Fig. 4(b) , the full-width at half-maximum (FWHM) dimensions of the reconstruction are plotted, averaged over 10 bubble measurements at the geometric focus, and at 20 mm out of the array, along the acoustic axis. As expected, the axial FWHM was greater than the lateral FWHM since the array geometry affords tighter focusing in the lateral plane. The lateral FWHM measurements were similar at the two locations, at approximately 1.3 mm, while they varied in the axial direction (2.7 ± 0.1 mm at the geometric focus, versus 3.1 ± 0.2 mm at 20 mm out of the dome). Thus, close to the geometric focus, the ratio of the axial FWHM to lateral FWHM is approximately 2.06, close to the ratio of 2 that is expected for a hemispherical geometry, and greater than 2 when the source is out of the dome and the effective aperture of the array is reduced [23] .
Microbubble activity in the tubing was detected and mapped for sources from 20 mm out of the dome to 15 mm proximal to the geometric focus (approximately 2 cm from the skull surface). More extreme locations were not investigated due to the limited electronic steering range afforded by the subset of transmit elements used in this study.
At the lowest bubble concentration, the tube was sonicated and RF data were acquired at a rate of 100 Hz for a total of 5.24 s (524 frames). Source displacement between frames is parallel with the tubing, consistent with motion of bubbles as they flow through the tubing, and in Fig. 5 , it can be seen that a time average of the 524 frames produces a similar image to the single frame with a concentration of 5.3 × 10 6 bubbles/mL. Further analysis of this dataset found that a minimum of approximately 100 frames at the low concentration were needed to produce a time-averaged image (not shown) similar to the high concentration image. At the low bubble concentration, some frames contained no bubbles (not shown), while others contained the image of one bubble or two separated bubbles (see Fig. 5 ). In the frequency domain, differences in bubble response can be Fig. 5 . Normalized intensity maps generated with (left) a single frame at 5.3 × 10 6 bubbles/mL, (centre left) a single frame at 320 bubbles/mL showing one source, (centre right) a single frame at 320 bubbles/mL showing two distinct sources, and (right) a time-averaged map of 524 frames captured at 100 Hz PRF, and 320 bubbles/mL. The flow direction is parallel to the y-axis. (Bottom) Normalized power spectra of the beamformed signal at the grid point of maximum intensity from four different frames showing the response at the second harmonic. The thick black line shows the spectrum from a frame in which no bubble response was detected. The remaining three profiles show the frequency response for three frames containing bubbles. The spectra amplitudes are normalized to the frame having the greatest response.
observed. Fig. 6 shows the bubble response at the transmit second harmonic for four of the 524 frames, and the corresponding maps. It can be seen that the spectral content at the second harmonic corresponds to the presence of a bubble on the reconstructed maps. It can also be seen that the center frequency of the response varies slightly between frames, which is expected since the microbubbles used are polydisperse. A strong frequency component is visible around 1 MHz. In some frames, this component is stronger than the bubble response (as can be seen later in the in vivo results) and narrow filtering is required to produce an image as seen in Fig. 3 . In a separate study, we have shown the potential use of single bubbles maps to image beyond the diffraction limit [28] .
In Fig. 7(a) , a maximum-pixel projection of two tubes with the highest concentration of microbubbles is shown with the -3 dB isosurfaces illustrated. Z-projection images of the volume are also shown, illustrating the difference between the reconstruction when a skull phase correction technique is used and when no skull correction is used. It is clear that use of a correction technique is needed in order to suppress grating lobes and ensure good image quality. Fig. 7(b) shows an image of the same two tubes reconstructed over a 10 × 10 × 10 cm 3 volume. The signal is well localized to the tubes without any strong grating lobes present in the surrounding field.
The resolution of the system was experimentally determined for sources close to the geometric focus. In Fig. 8 , it can be seen that when the two 0.26 mm internal diameter tubes were in contact with each other, they appeared as one source. However, with approximately 1.25 mm spacing, the two sources are just resolvable, and at 2 mm spacing, they are distinctly separate. Here, we define "distinctly separate" as when the intensity between the two peaks is less than 50% (-3 dB) of the peak intensity. Thus, the lateral resolution of the system likely falls between approximately 1.25 and 2 mm. The axial resolution of the system was inferior to the lateral resolution, which was expected based on the array geometry and the larger simulated [30] and measured PSF in this direction. In Fig. 9 , the two sources are spaced axially, and it can be seen that at 1.25 mm spacing, they cannot be resolved, while at 4.25 mm spacing, they are clearly separate. At 2, 2.75 and 3.5 mm, two sources can be seen, although less distinctly as separate. In fact, at 2.75 mm spacing, the sources are less clearly separated (min. intensity between peaks = 69%) than at 2 or 3.5 mm (min intensities between peaks = 52%, 50%), which could be attributable to the sensitivity of the reconstruction algorithm to source phase offset [30] . Thus, there is a transition zone between 2 and 3.5 mm axial spacing, where two sources may be distinguishable as separate depending on their phase offset. In addition, at 3.5 mm spacing, there is an observed displacement in the location of the sources. Repetition of the experiment found that in the 2-3.5 mm transition zone, a deviation in the source locations was observed at some spacings, suggesting that this artifact may occur when two sources are in close proximity and is possibly also dependent on phase offset. The observed deviation (mean ± S.D.) over three repetitions was 1.1 ± 0.5 mm. Fig. 10 shows the bifurcated tube phantom constructed with the three different tube sizes and a z-projection image of a flattened volume reconstruction of the tube (2 cm stack). Unlike the two tubes of equal size (Experiment 3, Fig. 7) , the signal obtained from the three different tubes produced different maximum intensities, with the signal in the larger tubes being substantially greater (2.1 and 1.7 times larger) than that in the small tube. Therefore, the individual frames were first normalized to themselves, and those where the frame contained only noise were discarded, prior to combining the normalized frames and taking the maximum projection. Included frames had a peak signal intensity greater than 12 times the mean intensity of the entire frame. In the resulting image, the bifurcation can be clearly seen.
Finally, Fig. 11 shows results from the in vivo testing. T1-weighted MR images are shown at three time points, one baseline image without MRI contrast before FUS, and two contrastenhanced images taken following each of the two FUS exposures (low power/high power). Correspondingly, passive acoustic maps are shown for a baseline exposure without microbubbles, and for the two FUS exposures with microbubbles. The passive acoustic maps were reconstructed from the captured burst 30 s after the start of the sonication. The reconstructed maps represent the lateral plane of peak intensity in the passive map volume. In Fig. 11(c) , the maximum pixel intensity in the passive map corresponding to each frame is plotted for the three sonications (no microbubbles, pressure below BBBD threshold + microbubbles, pressure above BBBD threshold + microbubbles). From Fig. 11 , it can be seen that passive maps of cavitation activity can be generated below the threshold for BBBD. It is also clear that what is being mapped is microbubble activity and not an artifact, based on the absence of coherent sources in the baseline intensity maps and the presence of bolus wash-in trends in the peak intensity versus time curves for the FUS sonications with microbubbles. The sonication that produced BBBD also had a much greater increase in peak passive map intensity over baseline than the sonication that did not result in disruption. In the frequency domain, we can also see that at baseline, there is no second harmonic content. For the case without BBBD, we observe a small second harmonic content, but still smaller than other frequency content. When the BBB is disrupted, the second harmonic component in the beamformed signal is greatly increased, which is consistent with the literature [10] . 
IV. DISCUSSION
The results of this study show that the fabricated array is capable of mapping microbubble activity, down to the single bubble level, at diagnostically safe pressure levels, and would thus be suitable for use in both low and high-intensity therapeutic ultrasound applications. The use of low frequencies both on transmit and receive minimizes the attenuating and aberrating effects of the skull, allowing these single bubble events to be recorded and spatially mapped. Despite the use of low frequencies and a long excitation pulse by diagnostic standards, good imaging resolution can be achieved since resolution in passive imaging is primarily dependent on the array aperture and the source frequency [21] , and is not substantially affected by the transmit pulse length [38] .
By distributing the receive elements over the entire hemisphere, the imaging resolution is optimized. By comparison, previous studies have utilized narrow aperture linear [23] , [24] , [38] or planar 2-D [39] arrays. For narrow apertures, the resolution of passive beamformed images, particularly the axial resolution, is limited even at high frequencies. For example, Gyöngy and Coussios [23] report an axial FWHM of 5 mm for the PSF of a 7.5 MHz source, which is too high of a frequency for transskull applications. Here, at submegahertz frequencies, we achieved an axial FWHM of less than 3 mm at the geometric focus through a human skull.
Near the geometric focus, the imaging resolution afforded by this system, at the frequency band used in this study, is close to 1.25 mm in the lateral direction, and between 2 and 3.5 mm in the axial direction, in agreement with numerical simulations [30] . This resolution is already on the order of that used in MRI thermometry for monitoring FUS thermal ablation in the brain (voxel size = 1.1 mm in-plane, 3-5 mm slice thickness [2] ). In addition, the excitation pressures used in this study were maintained within a diagnostically acceptable range. Thus, in its present state, this technology represents a realistic solution for monitoring bubble-mediated FUS interventions, and for bubbleenhanced brain imaging, at least in the mid-brain.
The receiver array could be used with existing monitoring and control schemes for BBBD [11] , [12] , using the spectral information from the received waveforms to control the treatment, and the time-domain data to map the bubble activity. It could also be used to monitor other brain treatments, such as cavitation-enhanced stroke treatments [7] , [8] . In addition, the passive cavitation mapping could be used to ensure that there is no bubble collapse during thermal ablation of brain tissue since inertial cavitation may increase the risk of hemorrhage [40] .
Flow rates in this study ranged between 0.08 mL/min and approximately 7.6 mL/min. Flow rates as high as 127 mL/min have been measured in the middle cerebral artery in humans, with a mean vessel diameter of 6.5 mm [41] , so the conditions here would model flow in some of the smaller cerebral vessels.
It was observed that with two sources in close proximity, a small displacement artifact might occur. This is hypothesized to be related to the phase-offset between the sources [30] and is thus dependent on the location and separation of the sources in the dome. In future work, it might be possible to reduce these artifacts using different excitation pulse schemes.
The image of the bifurcating tube phantom (see Fig. 10 ) required the frames to be normalized to themselves prior to combining them into the final image. The image in Fig. 10 therefore maps the location of the cavitation activity, without regards to the relative strength. Since the intensity values from the larger tubes were substantially larger than the small tube, the small tube was suppressed in the final image if the values were normalized to the maximum intensity in all frames. However, in individual frames where bubbles in the small tube were excited, the signal from the tube was still strong relative to the background.
The in vivo results demonstrated that the bubble activity mapping can be performed without impacting on the BBB. This is important because it indicates that the method could be used for imaging, as well as confirming sonication targets through a low power sonication before the BBB disrupting sonication is performed. The MR images and passive maps were misregistered by approximately 5-7 mm in the z-direction. This was thought to have occurred due to the need to move the platform holding the animal between the array and the MRI. In future experiments, the experimental fixture will be improved to attempt to minimize this motion error so that the positional agreement between the MRI enhancement and passive maps can be compared. Future experiments will also consider in vivo experiments performed through an ex vivo human skullcap, which was not used here in order to simplify the experiments while establishing feasibility.
This study has several limitations. First, in the bench-top studies, a skullcap was used instead of a full cranium. It has not been examined how the reflections from the skull base might affect the images. In this study, short pulses were used to image a target central to the skull cavity. For similar conditions, the reflections from the skull base would likely be separable from the bubble signals. However, challenges might arise when the target is close to the skull or when the transmit pulse is long, and future work should investigate these conditions. It should be noted that several studies have reported the use of very short pulses to disrupt the BBB, and so the work presented here is still highly applicable to therapeutic ultrasound [34] , [35] , [42] . Reconstruction volumes in this study were generally small, although reconstruction over a more significant volume can be easily be performed (see Fig. 7 ). In addition, previous numerical analysis suggests that our existing receive array has sufficient FOV to be able to beamform sources anywhere in the skull cavity [30] . However, since the transmit focus is small (FWHM = 2.2 mm laterally, 6.1 mm axially for the full hemispherical transmit array [29] ), large reconstruction volumes may not be necessary to apply these beamforming methods for directing ultrasound therapy. Finally, phase correction through the skull was performed using a source-based correction method. However, without phase correction, some targets were still imageable (see Fig. 7 ), and noninvasive phase correction techniques based on CT derived bone-density information could be used to correct for the skull aberrations [37] , [43] on receive [30] when CT data are available. One of these methods [37] is currently used in clinical treatments for precise focusing of the therapy beam [1] [2] [3] .
One notable limitation of this method is that absolute intensities in the resulting activity maps cannot be directly compared. For bubble clouds, the resulting signal is influenced by bubbles that are not spatially resolvable and that may be oscillating at different phases. As a result, absolute intensity values may provide less information than the spatial extent of the cavitation activity or the frequency content. For the case of a single bubble, the response of individual bubbles is expected to vary since the bubble population is polydisperse and thus will have different resonant frequencies. Analysis of single bubble responses using this technique could provide a means to investigate bubble properties in the vasculature and should be investigated in the future.
The image formation in this study was performed offline on a standard CPU (Dell Vostro 420, Intel Core2 Quad CPU), and for a voxel size of 0.5 × 0.5 × 0. 
V. CONCLUSION
A 128-channel sparse hemispherical receiver array has been constructed that is capable of passively imaging microbubble activity transcranially and on the scale of single bubbles. This study shows the feasibility of 3-D mapping of microbubble activity for monitoring of therapeutic ultrasound procedures in the brain. Initial in vivo results demonstrate that bubble activity can be mapped below the threshold for BBBD. Future work will focus on comprehensive in vivo testing of the array.
